Nanoelectronic biosensors offer broad capabilities for label-free high-sensitivity real-time detection of biological species that are important to both fundamental research and biomedical applications (1) (2) (3) (4) (5) (6) . In particular, FET biosensors configured from semiconducting nanowires (1, 2) , single-walled carbon nanotubes (1, 3, 4) and graphene (1, 5, 6) have been extensively investigated since the first report of real-time protein detection using silicon nanowire devices (7) . Subsequent studies have demonstrated highly-sensitive and in some cases multiplexed detection of key analytes, including protein disease markers (8) (9) (10) , nucleic acids (11) (12) (13) , and viruses (14) , as well as detection of protein-protein interactions (8, (15) (16) (17) and enzymatic activity (8) .
The success achieved with nanomaterial-based FET biosensors has been limited primarily to measurements in relatively low ionic strength non-physiological solutions due to the Debyescreening length (18, 19) . In short, the screening length in physiological solutions, <1 nm, reduces the field produced by charged macromolecules at the FET surface and thus makes realtime label-free detection difficult. The first method reported to overcome this intrinsic limitation of FET biosensors involved desalting to enable subsequent low ionic strength detection (8, 20) , although this also precludes true real-time measurements. Truncated antibody receptors (21) and small aptamers (22) also have been used to reduce the distance between target species and the FET surfaces, although the generality of such methods for real-time sensing in physiological conditions requires further study. In addition, recent work has shown that high-frequency mixing-based detection can be used to overcome Debye screening effects (23, 24) , although the device geometry may limit this approach in cellular and in vivo applications.
Recently, we have developed a strategy to overcome the Debye screening limitation that involves modification of a FET sensor surface with a biomolecule-permeable polymer layer to increase the effective screening length in the region immediately adjacent to the device, and demonstrated this concept for nonspecific detection of PSA using silicon nanowire sensors in physiological solutions (25) . To explore the generality of this approach for nanomaterials-based FET sensors and further extend the concept to selective analyte recognition and detection, we herein describe studies demonstrating controlled nonspecific and highly-selective protein detection in physiological media using graphene FET sensors in which the device surfaces are modified only with a biomolecule-permeable polymer layer and co-modified with DNA aptamer/biomolecule-permeable polymer layer, respectively.
Results and Discussion
To realize the biodetection in physiological solutions, a biomolecule-permeable polymer layer was constructed by surface modification as illustrated in Fig. 1A 
(see Materials and Methods).
This modification strategy involves (i) adsorption of pyrene butyric acid (PYCOOH) via π-π stacking to introduce functional carboxyl groups on the graphene surface (26, 27) , followed by (ii) covalent co-coupling of amine-terminated 10 kDa polyethylene glycol (PEG) Our sensor chip (Fig. 1B) consists of a FET array with nominally 180 individually addressable graphene devices (see Fig. S1 for full device layout), and was fabricated as follows.
First, graphene was synthesized using chemical vapor deposition (CVD) and transferred onto the SiO 2 surface of a Si device fabrication wafer (29) . Second, the graphene FET channels were defined by photolithography, and then passivated metal source/drain contacts were fabricated by a second photolithography step, metal thermal evaporation, and sputtered Si 3 N 4 (see Materials and Methods). Completed device chips were attached and wire-bonded to standard PCB-boards for interfacing to measurement electronics, and a poly(dimethylsiloxane) (PDMS) microfluidic channel was mounted over the central device region for delivery of analyte solutions using a syringe pump ( (30, 31) . These data indicate that the thickness of the PEG layer on the graphene devices is ca. 5-7 nm, which is consistent with previous indentation measurements of PEG layers carried out by AFM (32) . In addition, the AFM measurements show that the PEG layer was only observed on graphene, indicating that the PYCOOH initial modification was specific only to the graphene devices as expected (27) , and thus allows for selective functionalization of the graphene sensor surfaces.
Second, device electrical measurements (Fig. 2B-D 
where S and S max represent the signal and saturation signal, respectively, in response to PSA concentration C, and k is an equilibrium constant. The fit, which has a correlation coefficient of 0.949, yields a value of k, 7.9× 10
, that is similar to our previous result for concentrationdependent PSA sensing on PEG-modified silicon nanowire sensor (25) .
We have also investigated the sensor response for different ionic strength solutions as a function of the PEG:ETA ratio used to modify graphene device surfaces. A summary of results obtained from devices modified with PEG:ETA ratios of 1:2, 1:4, 1:6 and 1:8 ( Fig. 3D) demonstrates that graphene devices with 1:4 PEG:ETA modification ratio have the highest sensitivities with signal amplitudes of 21.3 ± 1.1, 13.7 ± 0.5 and 11.0 ± 0.9 mV in 50, 100 and 150 mM PB, respectively. The sensitivity of devices decreased significantly at higher and lower modification ratios. We hypothesize that the ratio between PEG and the spacer molecule ETA can control the permeability in the PEG layer in terms of dielectric properties and target molecule translocation, although future studies will be needed to determine unambiguously the origin of these results.
Last, we have investigated specific detection of PSA using graphene devices co-modified with PEG and a DNA aptamer for PSA (see Materials and Methods). The DNA aptamer is advantageous as the receptor for several reasons, including (i) the conformational changes of highly-charged aptamer upon protein binding (37, 38) Together these results show the capability to achieve specific real-time detection of proteins in physiological solution in competition with other proteins.
Conclusions
We have demonstrated a general strategy to enable direct FET sensing measurements in high ionic strength physiological solutions that involves co-modification of device surfaces with PEG and spacer molecules or PEG and aptamer receptors. Concentration-dependent measurements made with PEG/ETA-modified graphene FET devices exhibited real-time reversible detection of PSA from 1 to 1000 nM in 100 mM PB, which has a screening length comparable to physiological solutions, and further showed that detection was possible even at 150 mM PB. In addition, studies carried out using PEG/DNA aptamer modified graphene devices showed irreversible specific binding and detection of PSA in pH 7.4 1x PBS solutions, whereas control experiments with CEA protein, which does not bind specifically to the aptamer, showed smaller reversible signals. In addition, the active aptamer receptor of the modified graphene devices could be regenerated to yield multi-use selective PSA sensing under these physiological conditions. We believe this work represents a critical step toward general application of nanomaterial-based FET sensors in many areas, including in vitro and in vivo real-time chipbased monitoring of disease marker proteins, which could have substantial impact on both fundamental research and healthcare, as well as integration in free-standing nanoelectronic scaffolds for engineered tissues and in vivo implants (43) .
Materials and Methods
Graphene synthesis. Monolayer graphene was synthesized on 25 μm thick Cu foil (Alfa Aesar, Tewksbury, MA) via a reported low-pressure CVD method (29) . Before growth, the Cu foil was electropolished in phosphoric acid (85 wt%) and ethylene glycol (15 wt%) for 30 min and rinsed in DI water. The polished Cu foil was loaded into a 1-inch quartz tube furnace, annealed in 40 sccm H 2 during the 40 min room temperature to 1000 ºC heating process, followed by an 20 min anneal at 1000 ºC. Graphene growth was initiated by introducing 5 sccm methane into furnace, and growth was continued for 30 min.
FET sensor fabrication. Graphene films were transferred onto Si wafer using a reported poly(methyl methacrylate) (PMMA) method (29), where PMMA (PMMA-C5, Microchem Corp., Newton, MA) was spin-coated on as-grown graphene/Cu foil, at 2000 rpm for 1 min, the Cu foil was etched in ammonium persulfate aqueous solution (10 wt%), the floating PMMA/graphene film was rinsed in DI water, and then transferred to the SiO 2 surface of Si/SiO 2 target wafer.
PMMA was dissolved in acetone at 70 ºC.
The graphene was patterned using photolithography. (i) LOR 3A (Microchem Corp., Newton, MA) was spin-coated onto graphene/Si wafer, at 4000 rpm for 1 min, followed by 180 ºC baking for 2 min. S1805 (Microchem Corp., Newton, MA) was spin-coated on the wafer at 4000 rpm for 
